Over the last century a number of techniques have been developed which allow the measurement of the dielectric properties of biological particles in fluid suspension. The majority of these techniques are limited by the fact that they only provide an average value for the dielectric properties of a collection of particles. More recently, with the advent of microfabrication techniques and the Lab-on-a-chip, it has been possible to perform dielectric spectroscopic experiments on single biological particles suspended in physiological media. In this paper we review current methods for single cell dielectric spectroscopy. We also discuss alternative single cell dielectric measurement techniques, specifically the ac electrokinetic methods of dielectrophoresis and electrorotation. Single cell electrical impedance spectroscopy is also discussed with relevance to a microfabricated flow cytometer. We compare impedance spectroscopy data obtained from measurements made using a microfabricated flow cytometer with simulation data obtained using an equivalent circuit model for the device.
Introduction
The dielectric properties of biological cells and tissues have been of interest for nearly a hundred years. The earliest work can be traced back to the 1910s, when Höber [1] [2] [3] compared the low and high frequency conductivity of erythrocytes (red blood cells-RBCs) and demonstrated the existence of the cellular membrane electrically. In 1924 and 1925 Fricke published a series of papers on the mathematical modelling of the electrical conductivity and capacity of disperse systems [4] [5] [6] [7] [8] [9] [10] [11] [12] , using principles laid out by Maxwell [13] . From measurements of canine RBC Fricke calculated the membrane capacitance to be 8.1 mF m −2 , and determined the thickness of the membrane as 3.3 nm. In 1935, Fricke and Curtis [14] used complex impedance measurements to follow the lysis of mammalian erythrocytes. Around the same time, Cole [15, 16] utilized the Maxwell's mixture equation to derive the complex impedance for a single shelled cell in suspension. He proposed a constant phase angle (CPA) model for the cell membrane and derived the equation for the famous Cole-Cole plot [17] . Cole and Cole published several papers [18] [19] [20] on the electrical impedance of biological eggs (Hipponoë, Asteria and Arbacia). Single cell measurements were first made in 1937 when Curtis and Cole [21] developed a method to measure the transverse electrical impedance of a cell by embedding two electrodes into grooves in which a Nitella cell was placed. In 1938, the same authors [22] measured single eggs that were placed inside a capillary tube. Schwan pioneered broad-band dielectric measurements, extending the upper frequency limit to 1 GHz and measured a range of biological materials from cell suspensions to tissue [23] , as well as identifying the three well known dispersions (α, β and γ ) [24, 25] .
Typically, in dielectric spectroscopy, the impedance of a biological suspension is measured using an ac excitation signal. The suspension is held in a measurement cell containing two, three or four electrodes. The current passing through the system is measured as a function of frequency to give the electrical properties of the particles in suspension. Currently, there are numerous approaches for the dielectric measurement of biological suspensions and several excellent reviews of the techniques are available in the literature [26] [27] [28] [29] [30] [31] [32] [33] [34] [35] [36] .
Over the last 20 years more emphasis has been placed on the development of techniques for single particle analysis using ac electrokinetic methods, primarily electrorotation and dielectrophoresis. AC electrokinetics is the study of the behaviour of particles (movement and/or rotation) subjected to an ac electric field. Electrical forces act on both the particles and the suspending fluid and have their origin in the charge and electric field distribution in the system. In general, particles such as cells do not have fixed dipole moments; in an electric field an induced dipole is formed by interfacial polarization. If the field is non-uniform a force is exerted on the dipole causing movement of the particle. If the particle is in a rotating field, the dipole continually tries to align itself with the field, resulting in a torque on the particle, which then rotates; a phenomenon known as electrorotation (ROT). For more details on the forces in ac electrokinetic systems see [33, 37, 38] . The torque and force depend on the dipole moment of the particle, and as a result measurement of either the particle linear or angular velocity can be used to measure the particle polarizability.
In this paper, we discuss the background and theory behind the techniques available for single cell dielectric spectroscopy. We present the design of a microfluidic cytometer for the high throughput analysis of single particles. The modelling of the system using Maxwell's mixture theory is discussed and compared with an equivalent circuit model (ECM). Experimental results from the system are then compared with PSpice simulation.
Theory

Dielectrophoresis (DEP)
When an external electric field is imposed on a particle in suspension, provided the particle has different dielectric properties to the suspending medium, it will polarize by interfacial or Maxwell-Wagner polarization. The interaction between the induced dipole moment and the imposed electric field determines the dielectrophoretic force on the particle. In an ac field, the time-averaged DEP force F DEP is given by [28, 33] 
with the Clausius-Mossotti factor, given bỹ
where R is the radius of the particle, E the electric field, Re[] represents the real part, andε p andε m are the complex permittivities of the particle and medium. In general the complex permittivity of a material is given bỹ
where ε is the permittivity, σ the conductivity, j 2 = −1 and ω the angular frequency.
According to equation (1) , if the electric field is uniform, the gradient of the magnitude of the field is zero (∇|E| 2 = 0), which means that there is no DEP force. The frequency dependence and the direction of the DEP force are governed by the real part of the Clausius-Mossotti factor. If the particle is more polarizable than the medium, (Re[f CM ] > 0), the particle is attracted to the high intensity electric field regions, this is termed positive dielectrophoresis (pDEP). Conversely if the particle is less polarisable than the medium, (Re[f CM ] < 0), the particle is repelled from the high intensity field regions and negative dielectrophoresis (nDEP) occurs.
In practice, it is difficult to measure the DEP force directly due to the effects of Brownian motion and electrically induced fluid flow [39] . Instead, the DEP crossover frequency [39] [40] [41] can be measured as a function of medium conductivity and provides sufficient information to determine the dielectric properties of the suspended particles.
The DEP crossover frequency is the transient frequency point where the DEP force switches from pDEP to nDEP or vice versa. According to equation (1) , the crossover frequency is defined to be the frequency point that the real part of the Clausius-Mossotti factor equals zero:
where f cross is the crossover frequency, f MW is the MaxwellWagner relaxation frequency and τ MW is the Maxwell-Wagner time constant characterizing the β-relaxation typically in a low MHz frequency range. Equation (4) shows the relationship between the crossover frequency and the Maxwell-Wagner relaxation frequency. Using a simplified shell model for a biological cell, the crossover frequency can be written in terms of the membrane capacitance and conductance of the cell [42] :
where R is the radius of the cell and C mem and G mem are the specific capacitance and conductance of the membrane, respectively. In addition to measurement of the crossover frequency, the DEP-induced particle velocity can be measured as a useful dielectric spectroscopy technique. The DEP induced particle velocity is directly proportional to the DEP force [33, 38, 43] :
where u is the DEP-induced velocity of the particle, η is the viscosity if the suspension medium and u 0 is the initial velocity. The time constant τ is referred to as the momentum relaxation time and is given by
where m is the mass of the particle. For a typical cell the momentum relaxation time is of the order of tens of microseconds. The practical application of DEP for manipulation, separation and selection of cells, beads, bacteria and viruses has been reported by a number of authors [44] [45] [46] [47] [48] [49] .
Electrorotation (ROT)
The interaction of an electric field with a polarized particle creates an induced dipole moment. In a rotating electric field, a torque is exerted on the induced dipole which causes the particle to rotate. The time-averaged torque is given by [33, 50] 
where Im[ ] indicates the imaginary part. Equation (10) shows that the frequency-dependent property of the ROT torque depends on the imaginary part of the Clausius-Mossotti factor. The particle will rotate with or against the electric field, due to whether the imaginary part of the Clausius-Mossotti factor (Im[f CM ]) is negative or positive. The ROT torque is measured indirectly by analysis of the rotation rate (angular velocity) of the particle, which is given by [33, 51] 
where R ROT (ω) is the rotation rate and K is a scaling factor. Again owing to the viscous nature of the system the momentum relaxation time is small resulting in a constant angular velocity proportional to the torque. ROT has been used widely to measure the dielectric properties of a variety of biological particles [52] [53] [54] [55] [56] [57] .
The frequency spectra of both the DEP force and ROT torque can provide significant information on the dielectric properties of biological particles in suspension. Separating the real and imaginary components of equation (2) gives
The relationship between DEP and ROT can be examined using Argand diagrams, where the real and imaginary parts of the Clausius-Mossotti factor are mapped onto the complex plane as a function of frequency. For further details on the theoretical relationship between DEP, ROT and dielectric spectroscopy see [43, [58] [59] [60] [61] [62] [63] .
Electrical impedance spectroscopy (EIS)
In impedance spectroscopy, the dielectric properties of a system are determined by applying a frequency-dependent excitation signal and measuring the response. Conventionally, a small ac voltage,Ũ(jω), over a range of frequencies is used as the excitation signal. The electrical current response,Ĩ (jω), is measured and the complex impedanceZ(jω) of the system isZ
HereZ RE andZ IM are the real and imaginary parts of the complex impedance, respectively. The real part is called resistance while the imaginary part is called reactance. The magnitude and phase angle of the complex impedance are
and
respectively. In this paper we use the term impedance spectroscopy, because the electrical response of the system is measured, rather than the properties of the single cell.
For a dilute suspension of particles, the impedance of the system is well described by Maxwell's mixture equation [64] . The equivalent complex permittivity of the mixture containing the particle and the suspending medium is given bỹ
whereε mix is the complex permittivity of the mixture and is the volume fraction (ratio of the particle volume to the detection volume).
The complex impedance of the system,Z mix , is then given byZ
whereC mix is the complex capacitance of the system. Measurement of the complex impedance of a suspension of particles can be used to derive the average dielectric properties of the particles.
In DEP and ROT, the polarizability of individual particles is measured directly; there is therefore no requirement to consider the volume fraction [65, 66] . However, the limitations of DEP and ROT are obvious. Measurement of DEP force or ROT torque gives the real or imaginary parts of the ClausiusMossotti factor, respectively, so that in order to uniquely measure a cell, both the electrorotation spectrum and the DEP properties (crossover) have to be measured [67] . The other major limitation of these techniques is that of speed. A typical ROT assay takes several seconds per cell (usually longer). This means that a limited number of cells are measured, and temporal variations in cell behaviour are very difficult to monitor.
Impedance spectroscopy by contrast is fast and gives the complex dielectric properties very quickly. However, until recently the technique could only be used to measure the properties of large numbers of cells in a suspension. Recently, new instrumentation techniques, coupled with microfluidics [68] have led to novel systems for measurement of the dielectric properties of single cells at high speed [69, 70] .
Microfluidic cytometry
Flow cytometry is a technique in which the properties of large numbers of cells are measured at high speed, one cell at a time. The technique has been widely used in the area of blood analysis for identification of different cell types. The first cytometer capable of measuring the electrical properties of single cells, was developed by Coulter [71] . The device measures the dc resistance between two electrically isolated fluid-filled chambers as cells pass through a small connecting orifice. For a fixed sized orifice, the change in electrical current can be used to count and size the cells. Further developments have used ac signals at high frequencies to give information on cell properties as well as cell volume [72, 73] .
Recent developments in the field of microfabrication have led to the development of integrated systems generally known as the Lab-on-a-chip (LOAC). Advances in this field have led to micro-devices that can measure the properties of single cells in a manner analogous to commercial flow cytometers. Different designs of micro-cytometers have been fabricated capable of measuring the optical and/or the electrical properties of single particles [68] [69] [70] [74] [75] [76] [77] [78] [79] [80] [81] [82] [83] [84] .
System setup
We have developed a system that can measure the impedance properties of cells one at a time and at high speed. The microfabricated cytometer is shown in figure 1(a) . The microchip is fabricated from glass and the electrodes are made from platinum. Microfluidic channels are made from polymers such as SU8 and polyimide. The chip is mounted in a custom holder that provides fluidic and electrical interconnects. The micro-channel has a cross-section of 20 × 20 µm 2 and the electrodes have width and gap of 20 µm for further details see [80] .
The sizes of the channel and electrode are chosen to optimize the sensitivity of the devices for the particular particle of interest. In order to obtain the maximum signal, the volume fraction of the cell has to be large, cf equation (17) . Therefore, in order to measure cells, such as white blood cells which are typically 8-10 µm in diameter, the channel size is made 20 µm across. Figure 1(b) shows further details of the experimental system.
In the most general configuration, a number of individual ac signals are mixed and applied to the top microelectrodeseach signal representing a single probe frequency that is applied continuously. The signals generate an electric field in the channel, and when a cell passes through the device the electric field is perturbed, causing a change in the current. This current change is measured in differential mode, using two closely positioned detection volumes defined by the two pairs of electrodes as shown in figure 1(a) . As a cell passes through the electrode gap, one pair is used for sensing the current change, whilst the other pair provides the reference. The change in electric current depends upon the size, shape and dielectric properties of the particle through the change in impedance of the detection area. The electronic circuit consists of a pair of current to voltage (I -V ) converters followed by a differential amplifier. RF lock-in amplifiers (SR844, Stanford Research Systems) were used to demodulate the signals, giving the in-phase and out-of phase signals at each discrete frequency; and rejecting noise at all other frequencies. Data is collected with a 16 bit data acquisition card (National Instruments, USA). The bandwidth of the present system is 10 MHz. Data analysis was performed using software written in MATLAB ™ (Mathworks Inc., Natick, MA, USA) which records the data and calculates parameters such as magnitude and phase.
Modelling and simulation
Several approaches have been used to model the dielectric properties of single particles in suspension, including the finite element method [80] , Maxwell's mixture theory (MMT) [33, 80, 85] , equivalent circuit model (ECM) [27, 86] , the boundary element method [87] , the transport lattice method [88, 89] and the finite difference method [90] . In this work we used the MMT and ECM to simulate the impedance spectrum and electrical response of the particle in suspension.
In dielectric spectroscopy of cells, MMT (equation (17)) is generally used to obtain the dielectric properties of the individual components using the shell model to represent the particle. For a single shelled cell model, the complex permittivity of the cell is given bỹ
with γ = R/(R − d), R is the radius of the cell, d the thickness of the cell membrane andε i andε mem are the complex permittivities of the cytoplasm and the membrane, respectively. Mixture theory works well for low volume fractions and in a uniform field. However, in the cytometer, the volume fraction is high (>40%) and the electric field is non-uniform. The geometry of the system makes it difficult to calculate an accurate value for the volume fraction ( ) in the mixture equation. In a previous work [80] it was shown that the mixture equation when used with a corrected volume fraction (to take into account the non-uniform field effect) can provide a good analytical approximation for the impedance spectrum of a single particle in suspension. The corrected volume fraction is modified by the cell constant of the cytometer, derived by using the Schwarz-Christoffel mapping
with where κ is the cell constant, dependent on the geometrical parameters of the cytometer, h is the height of the channel, w is the width and l is the electrode length. K(k) is the complete elliptic integral of the first kind, K (k) is the complementary integral and k is the modulus of the elliptic function. Then, the complex impedance of the system,Z mix , becomesZ
For a cell in suspension between two parallel facing electrodes, an equivalent circuit can be constructed as shown in figure 2(a) [27, 33, 82] . In this circuit, the cell is represented by a capacitor in series with a resistor, in parallel with the two elements representing the suspending medium. At low frequencies, the thin cell membrane gives rise to a large capacitance. As the frequency increases, the reactive component of this element tends to zero and the cell internal properties are represented by the resistor. In this circuit the membrane is assumed to have an extremely high resistance and the cytoplasmic capacitance is ignored. All the circuit elements are functions of the volume fraction or cell size. The electrical double layer (EDL) [91] [92] [93] has an influence on the measurements at low frequencies (below 1 MHz for high conductivity solutions). This is generally modelled as a constant phase angle (CPA), represented by a resistor (R DL ) and capacitor (C DL ) in series. As shown in figure 2(a) , the double layer is in series with the network model. A simplified model ( figure 2(b) ) was adopted for simulation in PSpice, in this case the double layer is assumed to be purely capacitive (C DL ), with a value given by the product of the inverse Debye length and the permittivity of the medium.
The simplified circuit in figure 2(b) shows that at very low frequencies, current flow is blocked by the double layer capacitor; only the impedance of the double layer is measured. As the frequency increases, this capacitor is gradually short-circuited and the excitation voltage charges the cell in suspension. It takes a finite amount of time to charge the membrane through the extracelluar and intracellular fluid; this results in two dielectric dispersions in the radiofrequency range (between 1 and 100 MHz). The dominant dispersion at the lower frequency was termed the β-dispersion by Schwan [24] . Zhang et al termed both dispersions P and Q, respectively [94] . The lower frequency dispersion is governed by polarization of the cell membrane and measurement of this parameter provides information about the dielectric properties of the membrane. The second higher frequency dispersion is governed by the polarization of the cytoplasm and the suspending medium as the membrane is short circuited at these frequencies. This second dispersion is generally small and difficult to measure using impedance spectroscopy techniques. However, this dispersion is clearly visible in both DEP and ROT spectra, with distinct characteristic time constants [95] [96] [97] .
The values for the individual electrical components are as follows:
with
where C mem,0 is the specific membrane capacitance (capacitance per unit area) and ε ∞ is the permittivity at infinite frequency. In these equations, the volume fraction (equation (20)) is corrected to take into account the non-uniform field configuration [98] . Ignoring the double layer, the total impedance of the circuit is
Equations (22)- (27) are versions of the MMT for a single shell cell model. The magnitude of the impedance (Z mix ), calculated using mixture theory (equation (21)) or equation (28), is shown in figure 3(a) . Calculations were performed with the following parameters: As the cell size increases, the difference between both models increases. This is because the circuit model ignores the membrane conductivity and also the capacitance of the cytoplasm. Including the effect of the double layer, equation (28) becomes
Figure 3(b) shows an impedance plot for a 5 µm cell plotted from equation (29) . This plot shows that the low frequency response is dominated by the double layer and that increasing the capacitance of the double layer diminishes this effect. Practically this is achieved by making electrodes with a large effective surface area. A variety of experimental and/or mathematical correction methods to reduce the effect of the double layer have been reported [91] [92] [93] . Platinum black or other nano-porous films (e.g. iridium oxide, titanium nitride) can be used to increase the effective area of the electrode surface [99, 100] .
The circuit level simulation of the system was performed using PSpice in Orcad. The ECMs for the differential amplification circuit, the micro-electrodes and the cell were used to calculate the effect of variations in the properties of the cell (specific membrane capacitance and cytoplasm conductivity), while other parameters are held invariant: 
Experimental results
Human RBCs were used as they represent an easily accessible source of particles with broadly homogeneous and well characterized dielectric properties. Samples were obtained and handled as follows: 5 µl of whole blood (obtained from a finger prick) was suspended in 1 ml of (phosphate buffered saline) PBS. The cells were washed in PBS (i.e. centrifuged and re-suspended) to remove plasma and platelets. The cell suspension was re-suspended in PBS to give particle concentrations of ∼ 5×10 5 cells per ml. These samples contain both RBCs and white blood cells (WBCs); however, the ratio of RBCs to WBCs in human blood is typically 1000 : 1 and it is therefore assumed that the presence of the WBCs can be ignored.
The cells were suspended in PBS (conductivity = 1.6 S m −1 ), introduced into the device and flowed through the microfluidic channel under the influence of an applied positive pressure at a flow velocity of ∼20 mms −1 . Measurements were obtained at a number of different frequency points by averaging the data from 2000 cells per frequency point. The measurement frequency was varied in a step-wise manner in the range 100 kHz-10 MHz and the applied signal amplitude was 0.5 Vpp. Full details of the experimental set-up can be found elsewhere [69, 70, 80] . Figure 5 shows an impedance spectrum for human RBCs compared with simulation from PSpice. The real and imaginary parts of the output voltage in the circuit simulation correspond to the in-phase (x-component) and the out of-phase (y-component) signal of the Lock-in amplifiers in the experiment, respectively. The data is the mean of the measurements from the cells at each frequency point. The detection region of the device was modelled using equation (22)- (27) and the PSpice models for each of the active elements (operational amplifiers, etc) were obtained from the manufacturers. Parasitic elements were also included in the model and we approximate the geometry of the RBC to that of a sphere of radius 3 µm.
In order to determine the confidence of the simulation fitting result, we use the regression coefficient defined as [42] 
where X exp (f i ) is the experimental data at certain frequency and X fit (f i ) is the simulation fitting data at the corresponding frequency. Figure 5 shows the best fit between the experiment data and circuit simulation results for the spectra of single RBCs. The specific membrane capacitance is 8.7 mF m −2 and the cytoplasm conductivity is 0.62 S m −1 with the regression coefficients at 0.9723, (ρ real = 0.9723) for the in-phase (real part) signal and 0.9587(ρ imag = 0.9587) for the out of-phase (imaginary part) signal.
From the figure it can be seen that the simulation agrees well with the experimental data for the 3 decades of frequency measured. 
Conclusion
In this work we have shown that impedance spectroscopy can be used to measure the dielectric properties of single cells and that the cell can be modelled using a simple ECM comprised of linear elements. Measurements of single cells were performed at high speed using a microfabricated flow cytometer at a number of discrete frequencies. Although this method allows analysis of cell characteristics, it does not enable broad band multi-frequency analysis of cells. A multifrequency measurement system has been reported by Fuller et al [101] , in which discrete mixers, filters and direct digital signal synthesis circuitry was employed. Using mixed digital and analogue application-specific integrated circuits (ASICs), the system can measure up to eight frequencies simultaneously. However, this technique increases the complexity of the mixedsignal detection circuitry, and the number of frequencies is still limited. Complete broad band analysis would allow complete analysis of particle properties. One method, patented by Liu et al [102] is a pulsed-FFT measurement technique. However, Fuller et al [101] pointed out a drawback with this technique. Since the energy of the excitation signal is spread across a wide band of frequencies, rather than concentrated at a single measurement frequency, the signal-to-noise ratio of the system is much worse than a discrete frequency system. We are currently developing a new multi-frequency measurement technique, which overcomes the drawback of the pulse-FFT method, using a pseudorandom signal generated by a maximum length sequence (MLS) system. This technique promises to be capable of measuring the complete transfer function of the system, with the added advantage of low hardware cost, fast speed, high frequency resolution and excellent noise immunity.
